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Introduction
Articular cartilage is a multiphasic material. However it is often treated mathematically using two phases: a solid phase comprising collagen, proteoglycans, other proteins, and chondrocytes and fluid phase comprising water and electrolytes Kwan et al., 1984; Mow and Huiskes, 2005; Pierce et al., 2013; Soltz and Ateshian, 2000; Zhang et al., 2007) . When cartilage is subjected to compressive loading, the load is initially carried by the fluid phase. As interstitial fluid exudes through the tissue surface, load is transferred to the solid matrix. Time dependent fluid drainage leads to a time dependent deformation of the cartilage tissue known as consolidation (Verruijt, 2013) .
As a material with multiple biological functions, articular cartilage faces several difficult biomechanical challenges. It experiences high loads, stresses and deformations during normal use. The human knee cartilage experiences contact forces up to 5 times of body weight during stair climbing (Taylor et al., 2004 ). Yet at the same time as experiencing high contact stresses, it achieves very low friction. Cartilage on cartilage friction coefficients are in the range 0.005-0.02 (Longmore and Gardner, 1975; Merkher et al., 2006) . This friction coefficient is lower than all manufactured 'slippery' surfaces (McNary et al., 2012; Mow et al., 1992) . Low friction is important, as friction is the principal cause of wear at contacting surfaces. But it is important to recognise that the (apparent) friction coefficient increases with time, and so a long period of static loading with attendant consolidation of the cartilage followed by movement, can result in much larger friction coefficients (Forster and Fisher, 1996) . The consolidation deformations associated with the larger apparent friction coefficients may lead to greatly increased surface wear and cartilage tissue damage.
This implies that the details of the time-dependent load patterns are a crucially important consideration when attempting to assess the likely impact of activities on joint health (Gardiner et al., 2016) .
In this study, we hypothesize that the duration of cartilage loading relative to the characteristic time for cartilage consolidation plays an important role in determining the friction coefficient (and so the rate of cartilage damage and wear). For example, a long duration of continuous usage may significantly compromise cartilage's famously low friction coefficient, thereby exposing it to increased shear stresses and rates of wear, while larger volumetric and shear deformations increase the rate of extracellular matrix damage which may potentially lead to cell death. A corollary of this hypothesis is that the degree of consolidation (DoC) of the cartilage should also be related to the apparent friction coefficient. We speculate that the DoC is strongly correlated with damage potential of cartilage tissue. This is potentially of great practical interest not only conceptually, but because the DoC can be estimated via in vivo imaging based on the time dependent closure of the joint space. In contrast, excess interstitial fluid pressure, exudate fluid volume and effective contact stresses cannot be practically measured in vivo.
The objective of this paper is to compare the mechanical consolidation response of articular cartilage to sustained periods of static loading, contrasting the consolidation response for intact and compromised cartilage or joint tissue to investigate the relationship between characteristic time for cartilage consolidation and friction coefficient. Specifically we will numerically study human tibial cartilage (lateral tibial plateau) for 5 different cases:
(1) intact cartilage; (2) cartilage with partial meniscectomy; (3) cartilage with complete meniscectomy; (4) cartilage with a partial thickness defect; and (5) cartilage with a full thickness defect. In addition, we will investigate the possible correlation between DoC and apparent friction coefficient of articular cartilages.
Materials and Methods
We have recently published a non-linear poroelastic model of human knee articular cartilage under cyclic loading (Zhang et al., 2015) and validated it against in vitro lab testing of osteochondral explants (Barker and Seedhom, 2001) . We further develop our model to investigate the mechanical consolidation of cartilage for the 5 prototypical cases. We briefly summarise the model below.
Poroelastic cartilage model
The cartilage extracellular matrix is treated as a fully saturated porous media, composed of interstitial fluid and solid phase. The total stress tensor inside the cartilage tissue is the sum of solid and fluid Cauchy stress tensors as follows:
( 1) where p is the excess interstitial fluid pressure generated by loading the tissue, I is the identity matrix and is the incremental effective stress associated with the deformation of the solid phase. It should be noted that the analysis is an incremental analysis from the initial state. Excess interstitial fluid pressure, is the current interstitial fluid pressure minus the initial interstitial fluid pressure. The initial interstitial fluid pressure is assumed to be zero by definition. However, this ignores very small contributions to pressure that are in fact present e.g. gravitational.
Under the absence of body and inertial forces, the momentum equation can be expressed as:
.
The cartilage solid matrix can be modelled as an elastic solid with different properties in tension and compression (Soltz and Ateshian, 2000) . This behaviour is due to the fact that collagen network governs cartilage's tensile properties while it does not support compression, whereas the aggrecan dominates the cartilage behaviour under slow or static compressive loads. Experimental studies have shown that a quadratic relationship exists between compressive stiffness of cartilage solid matrix and its aggrecan volume fraction (Treppo et al., 2000) : 
where is aggrecan effective Poisson's ratio (i.e. Poisson's ratio of aggrecan matrix without excess interstitial fluid pressure) which is usually found to be small, and is taken zero in this study (Schinagl, Ting et al. 1996) .
It should be noted that, generally, the laboratory measurements of aggrecan volume fraction is an 'apparent' volume fraction defined as aggrecan volume over total cartilage volume. The 'apparent' volume fraction of aggrecan varies along the cartilage depth (see Table 1 ). However because a significant portion of the volume of articular cartilage is occupied by collagen fibrils and aggrecan can reside only within the extra-fibular domain, the aggrecan actually exists within cartilage at a higher local concentration or 'actual' volume fraction. In other words, the collagen volume fraction influences the 'actual' aggrecan volume fraction of cartilage and subsequently compressive stiffness. For example, if the collagen volume fraction (collagen volume over total cartilage volume) and the 'apparent' aggrecan volume fraction in the cartilage superficial region is α=50% and 60 mg/ml respectively, the 'actual' aggrecan volume fraction would be 60/ α=120 mg/ml.
In addition the aggrecan volume fraction varies due to cartilage volumetric deformation, based on the following mathematical equation:
where is 'actual' aggrecan volume fraction at time t, is initial 'apparent' aggrecan volume fraction, is cartilage solid phase volume ratio (i.e. Jacobian determinant of the deformation gradient of solid phase = ) and is collagen volume fraction of cartilage.
The cartilage collagen network is responsible for tensile stiffness of the cartilage matrix. The stiffness of collagen network in tension in a healthy cartilage is relatively high compared to aggrecan in compression. The tensile stiffness of cartilage matrix also varies with depth and orientation, corresponding to variation in the collagen volume fraction and fibre orientation. Table 2 shows the depth and orientation dependent tensile modulus of cartilage matrix applied in this study.
The continuity equation for the cartilage porous medium can be written as:
where is Darcy's velocity which has a linear relationship with the fluid pressure gradient . The hydraulic permeability of cartilage tissue (m 4 /N.s) is negatively correlated with cartilage aggrecan volume fraction (Zamparo and Comper, 1989) and consequently influenced by cartilage deformation and can be expressed as:
where µ is interstitial fluid viscosity at 37 ºC, n (m 2 ) and m (1) are empirical parameters. It should be noted that we assume the aggrecan concentration leads to an isotropic permeability in the model, as aggrecan completely dominates the permeability of cartilage. Table 1 and 2 shows the material properties and parameters applied in the model in this paper which are typical values for human knee cartilage. Figure 1 shows the model geometry and dimensions of a intact human lateral tibial plateau (Case 1) reconstructed based on MRI of lateral tibial plateau of a 35-year-old woman (Goodwin et al., 2004) . We adopt an axisymmetric geometry and loading condition for lateral tibial plateau due to a reasonable assumption that lateral tibia plateau is remarkably symmetric within ±40° of the mid-frontal plane (Hayes et al., 1978) and that the applied loading on lateral and medial tibia plateau is axisymmetric based on the reasonably axisymmetric contours of contact deformation observed in experiments (Marzo and GurskeDePerio, 2009 Under physiologically-relevant loading condition, and in the presence of intact menisci, we assume the contact area of the medial and lateral tibial plateaus to be approximately equal, with the total contact area of 1000 mm 2 for a healthy cartilage, which is reasonably consistent with that reported by Marzo and Gurske-DePerio (2009) and Fukubayashi and Kurosawa (1980) . It is known that meniscectomy decreases tibio-femoral contact area and accordingly result in an increase in contact pressure. It was reported that the lateral plateau contact area without the menisci (complete meniscectomy) is around 230 mm 2 (Fukubayashi and Kurosawa, 1980) .
Model geometry and boundary conditions
In this paper, we assume a compressive static load equivalent to 2.59 standard bodyweight (i.e. 2.59×750 N) is applied on the knee, representing the loading applied on one knee joint during one legged stance (Kutzner et al., 2010) . We assume the load to be equally distributed between lateral and medial compartments of the knee. Therefore, we consider the lateral tibio-femoral contact area for the intact cartilage model (Case1, Figure   1 ) to be 500 mm 2 under a resultant force of F R =970 N representing the average contact condition for 'intact cartilage'. But the contact loading is not uniform and can be approximated by a parabolically-distributed compressive loading based on the contours of contact deformation observed in experiments (Marzo and Gurske-DePerio, 2009 ). For simplicity, in the current model we apply a conically-distributed loading on the cartilage, which appears to be a reasonable approximation to the contact pressure contours reported by Marzo and Gurske-DePerio (2009) . A fixed, rigid and impervious subchondral bone substrate is employed for the model. In addition, a free flux condition was considered for the unloaded cartilage surface while a zero flux boundary condition was applied on cartilage surface beneath the loading (Ateshian et al., 1994) (Ateshian et al., 1994) . The above describes the base case (Case 1) of an intact cartilage tissue.
We investigate the influence of partial (Case 2) and complete (Case 3) meniscectomy on mechanical behaviour of tibial cartilage by applying the same magnitude of compressive loading (F R =970 N) as for intact cartilage, but over a smaller contact area. We use contact area of 365 mm 2 and 235 mm 2 respectively for partial and complete meniscectomy (Fukubayashi and Kurosawa, 1980) (Figure 2 ). The reduced contact area for the 'meniscectomy models' relative to intact cartilage model, results in a higher peak loading per unit area as indicated in Figure 2 and Table 4 . It should be noted that we assume the loading does not shift significantly within the meniscectomized joint compared to a normal joint as the menisci mainly widen the tibio-femoral contact area. This can be seen from the Fukubayashi and Kurosawa's experimental measurements of pressure distribution pattern for normal and meniscectomized knees (Fukubayashi and Kurosawa, 1980) .
We also investigate the mechanical behaviour of cartilage with both a partial thickness (Case 4) and full thickness (Case 5) defect by applying the same magnitude of resultant force as applied on the intact cartilage model, but over a smaller surface of cartilage and with an annular conical loading distribution as shown in Figure 3 . This leads to a larger load per unit area for cartilage with a defect in comparison to intact cartilage as illustrated in Figure 3 .a and b. Importantly we consider a free flux boundary condition at the defect site as a result of the damage to the surrounding cartilage tissue. In other words, excess interstitial fluid pressure cannot be sustained at the defect site.
Numerical solver settings
We employthe poroelastic module of COMSOL Multiphysics to numerically solve the cartilage models in this study. The two-dimensional axisymmetric cartilage model is meshed with 5678 triangular elements with quadratic interpolation function. The time-dependent implicit solver of COMSOL Multiphysics with a relative tolerance of 10 -3 is applied to solve the finite element discretization of the time-dependent partial differential equations of the model under the described boundary conditions. Table 1 and 2 shows the material properties and parameters applied in the models which are typical values for human knee cartilage. The loading is ramped over 0.5 s to facilitate the numerical convergence of the model and then kept constant for 14000 s (3.9 hr) to ensure complete consolidation in all cartilage models.
Results
Modelling results will be presented according to the key mechanical characteristics expected to have implications to cartilage wear and damage, namely: peak contact strain, consolidation rate, excess interstitial fluid pressure and fluid exudation rate. Figure 4a compares the time-evolution of peak contact strain for the five different cases. We define the peak contact strain as the maximum vertical deformation divided by cartilage thickness. It can be seen in Figure 4a that the intact cartilage (Case 1) is predicted to experience approximately 10% peak contact strain when the load is applied for 5 s. This prediction is consistent with the experimental results of Hosseini et al. (2010) , who reported peak contact strain of 8.6±2.6 % in the lateral tibia plateau 5 s after application of full body weight to one leg. The model predicts a peak contact strain of 13.8%, 300 s after loading application which is also similar to the experimental measurements of Hosseini et al. (2010) (i.e. 14.6±3.9 % peak contact strain at t=300 s). The model predicts a steady state peak contact strain of 25% for the intact cartilage which is also consistent with experimental measurements of Barker and Seedhom (2001) .
Contact strain

Model validation
The largest peak contact strain is predicted for cartilage with a complete meniscectomy (Case 3). This prediction is due to the largest load per unit area being applied on the cartilage surface for the model with a complete meniscectomy (see Table 4 ). The presence of an intact meniscus in the knee spreads the contact area and so distributes the load over a larger cartilage surface. This load spreading is impaired for a cartilage with partial and complete meniscectomy (McDermott and Amis, 2006) .
Among the five models, the largest (maximum) load per unit area occurs with complete meniscectomy (Case 3), and this resulted in the largest contact pressure and the largest steady state peak contact strain of 35%. The model prediction shows a 40% increase in steady state peak contact strain for the cartilage with complete meniscectomy compared to that of the intact cartilage. This result is also in a good agreement with the experimental result of Song et al. (2008) that shows around 35% increase in steady state maximum strain of meniscectomized knees compared to that of intact knees.
Consolidation rate
The time taken to reach the maximum strain (time to steady state strain) is important, as it will determine how soon the tissue and cells are experiencing high strains following the onset of loading and/or physical activity. To study time dependent cartilage deformation, we plot the degree of consolidation (DoC) for each of the 5 Cases in Figure 4b .
The DoC at time t is defined as:
where is the peak contact deformation (with direction normal to the cartilage surface, z) at time t, is the initial peak contact deformation (i.e. deformation immediately after load application) and ( ) is the steady state peak contact deformation. The DoC varies between zero and one. The DoC1, when the cartilage approaches its final deformed state under sustained load, and occurs when excess interstitial fluid pressure 0.
Conversely, a small DoC indicates large excess interstitial fluid pressures and small tissue volumetric strain.
It can be seen that the intact cartilage model (Case 1) experiences the smallest DoC, among all the other models, at any given time prior to reaching steady state. This result suggests that the intact cartilage can support joint loading through interstitial fluid pressurization for a comparatively longer period of time.
The computational model prediction suggests that the cartilage with complete meniscectomy (Case 3) and that with a full thickness defect (Case 5) reach their maximum contact strain (full consolidation) earlier than all the other cases, in about 30minutes (see Table 4 ). This is due to the fact that, the excess interstitial fluid pressures gradients is largest for the cartilage with a complete meniscectomy as a result of both shorter drainage pathways and larger excess interstitial fluid pressures. On the other hand, the fluid exudate rate is highest for cartilage with full thickness defect as the drainage surface area is increased by the defect, resulting in a quick consolidation. The computational result suggests that both cartilage with complete meniscectomy and that with full thickness defect are less able to support joint loading through interstitial fluid pressurization, even for a relatively short period of time (e.g. both cartilages reach 90% consolidation in about 15 min).
The simulation result shows a similar DoC for cartilage with partial meniscectomy (Case 2) and for that with a partial thickness defect (Case 4) although they have different peak contact strain at any given time (see Figure 4 .a and 4.b). This result suggests that a partial thickness defect (focal lesion) can have a similar negative impact on cartilage mechanical performance as a partial meniscectomy, although the final deformation with partial thickness defect is considerably smaller compared to that for cartilage with partial meniscectomy.
Excess interstitial fluid pressure
To help understand the predicted strain and DoC shown in Figure 4 , in Figure 5 we plot the spatial distribution of the tissue excess interstitial fluid pressure for each case at two time-points: at the start of load (a: t=5 s) and near steady state (b: t=1 hr). Figure 5 illustrates that peak contact pressure (maximum pressure underneath the load) is relatively higher for cartilage with meniscectomy (Case 2 and 3) at the early stage of loading due to their higher load per unit area. Although the cartilage model with full thickness defect (Case 5) experiences a larger load per unit area compared to the meniscectomy models, it has a smaller fluid pressure at t=5 s due to its increased free drainage surface area in the defect region (see results in next section on fluid exudation).
As illustrated in Figure 5b the intact cartilage experiences the largest excess interstitial fluid pressure among all cases after the load has been continuously applied for t=1 hr. This result indicates that for the intact cartilage, the interstitial fluid bears a relatively larger portion of the load, and a smaller part of the load is supported by cartilage solid matrix, leading to a smaller effective stress and so a lower risk of frictional wear. The small excess interstitial fluid pressure at t=1 hr (due to large water exudation), as predicted for Cases 3 to 5, results in a large portion of the load being supported by the cartilage solid matrix.
3.4.
Fluid exudation volume and rate
Consolidation of cartilage tissue is a result of interstitial fluid exudation following the loading application. To help better understand cartilage consolidation behaviour and its relationship with cartilage surface wear, we plot the computational predictions of exudate flow rate and total exudate volume for the five cases in Figure 6 .a and 6.b. The largest exudate flow rate is predicted for the cartilage with full thickness defect (Case 5) at the early stage (i.e. t<10 min). However, the flow rate is predicted to decline sharply with time for this case and is negligible at approximately t=45 min, as the cartilage is then fully consolidated.
An initial relatively high exudate flow rate is also predicted for complete meniscectomy (Case 3), due to its highest early excess interstitial fluid pressure as well as its relatively short drainage (i.e. high pressure gradient), compared to that of intact cartilage. As expected, the exudate flow rate for this case decreases relatively quickly with time ( Figure   6 .a), resulting in the lowest total exudate volume (Figure 6 .b). As indicated in Figure 6 .a, the intact cartilage (Case 1) can sustain its fluid exudation for a longer period of time compared to all other cases, suggesting the ability of intact cartilage to support joint movement through interstitial fluid pressurization for sustained period. 
Discussion
One of the main factors which can strongly influence cartilage biomechanical performance and its ability to support joint loading without interfacial wear and tissue degeneration is the friction coefficient between opposing cartilage surfaces. It has been suggested that application of sustained stationary loading on articular cartilage increases the subsequent apparent friction coefficient (Forster and Fisher, 1996; Forster and Fisher, 1999) . Following the application of a physiologically-relevant stationary loading with duration ranging from 2 to 45 min , Forster and Fisher (1996) measured the apparent contact friction coefficient of cartilage in the presence of synovial fluid lubricant. The apparent friction coefficient increased progressively from a low of 0.025 after 2 min stationary loading application to a high of 0.25 after 45 min stationary loading. The authors found that the apparent friction coefficient was dependent on the duration of the stationary load applied on the cartilage. They speculated that the time-dependent load carried by the fluid phase is primarily responsible for low apparent friction coefficient of cartilage (Forster and Fisher, 1996; Forster and Fisher, 1999) .
To test the hypothesis of our study (i.e. that the duration of cartilage loading relative to the characteristic time for cartilage consolidation plays an important role in determining the friction coefficient and so the rate of cartilage damage and wear), we plot both apparent friction coefficient obtained from Forster and Fisher (1996) 's experimental result and the DoC (for intact cartilage) from our computational result (Figure 7 .a). The results show that both DoC and apparent friction coefficient increase with respect to loading time with a similar rate, confirming the hypothesis defined in our study is valid. This is consistent with the view that the apparent friction coefficient in articular cartilage increases as the load is progressively transferred from the interstitial fluid to the extra cellular matrix. The result is also consistent with the experimental measurements of Krishnan et al. (2004) that show a very strong and linear negative correlation between friction coefficient and interstitial fluid pressure (r 2 =0.96±0.03) for bovine articular cartilage disks while sliding against glass under a constant loading. As indicated in Figure 6 .c, upon initial loading, a large part of the normal load is supported by pressurized interstitial fluid (i.e. by the large excess fluid pressure), while a small load is carried by solid matrix (i.e. small effective stress). In fact a large fraction of the total stress at the interface is supported by fluid at the early stage of loading (Pierce et al., 2016) , leading to a low apparent friction coefficient due to negligible friction force between fluid particles. This mode of lubrication, also known as hydrostatic lubrication (or hydrodynamic lubrication in case of dynamic loading), is the dominant lubrication regime at the onset of static (or dynamic) loading (Krishnan et al., 2004; Neu et al., 2008; Pierce et al., 2016) . With increasing duration of loading, the contribution of the load carried by the fluid phase decreases, with load increasingly transferred to the solid phase. This rising solid phase load leads to increasing number and size of asperity contacts and a commensurate rise in friction force (Ateshian, 2009; Forster and Fisher, 1996; Forster and Fisher, 1999; McCutchen, 1959) . The lubrication regime, known as mixed mode lubrication, is a transition from hydrostatic (or hydrodynamic) lubrication mode (resulting from load support by the fluid phase) at the early stage of loading to boundary lubrication mode (resulting from load support by the solid phase and asperity contacts) at the late stage (Caligaris and Ateshian, 2008; Neu et al., 2008) . Asperity contact of opposing cartilage surfaces leads to cartilage surface damage and wear (McNary et al., 2012; Scherge et al., 2001) .
Following the aforementioned description, the surface shear stress (i.e. friction force per unit area) between the cartilage contacting surfaces can be written as: (9) where is apparent friction coefficient and is the normal total stress at the surface (see Equation 1 ). For biphasic cartilage, surface shear stress can be decomposed into fluid and solid components. Since the frictional force between fluid particles is ignorable, the surface shear stress can be expressed as follows: (10) Where is true friction coefficient (i.e. cartilage solid matrix on cartilage solid matric friction coefficient) and is normal effective stress at the surface (i.e. the normal stress at the surface carried by cartilage solid matrix). Therefore: (11) As indicted in Figure 6 .c, DoC can be used to estimate . So the apparent friction coefficient can be estimated using DoC (note that is constant): By comparing the patient's examination result of the rate of consolidation (i.e. DoC vs time)
against the developed database, his/her knee articulation health can potentially be assessed. It should be mentioned that, the patient should be asked to avoid any strenuous activity such as running, lifting and stairclimbing at least 4 hrs prior to the examination. In addition, the patient should be asked to refrain from weight bearing for 1 hr prior the imaging to ensure the knees cartilages are totally recovered from any residual deformation (Bingham et al., 2008) .
It is worth mentioning that, by extrapolating Figure 7 .a, the apparent friction coefficient when cartilage is fully consolidated (i.e. the true friction coefficient for cartilage on cartilage in the presence of synovial fluid) is predicted to be 0.35. Forster and Fisher (1996) showed that after application of stationary loading for 45 min, then unloading cartilage specimens for 1 min, followed by a re-application of stationary load for another 5 s, the apparent friction coefficient temporarily decreases sharply from 0.25 to 0.04. This highlights the importance of re-imbibition of interstitial fluid upon unloading in maintaining a low friction coefficient in the joints. In other words, the lubrication mechanism in knee joints suits reciprocating loads (i.e. walking and running), while application of sustained static loading on articular cartilage can result in significantly higher friction coefficient (as measured by Forster and Fisher (1996) ) and consequently larger risk of frictional wear of the cartilage surface.
It should be noted that this study has some limitations. To simplify the problem, we assumed an axisymmetric geometry and loading condition for lateral tibial plateau. Further it was assumed that bodyweight loading is equally distributed between the lateral and medial compartments of tibial cartilage with the same contact areas. A future study could apply the model developed in this paper to a 3D geometry of the total knee joint reconstructed based on CT scan images to further investigate the influence of knee geometry and loading conditions on tibio-femoral cartilage mechanical environment.
It is also worth mentioning that, in the model developed in this study, a zero-flux (i.e.
impermeable) boundary condition was assumed in the contact region. This was following the same boundary condition included in Ateshian et al's study (1994) that suggested that the contact problem of two opposing biphasic articular cartilages with similar geometry and materials properties is equivalent to a rigid impermeable plane contacting one of the two articular cartilages. However in reality there could be some limited outward flux from the cartilage (known as weeping lubrication (Lewis and McCutchen, 1959) ) as well as some inward flux to the cartilage (known as boosted lubrication (Walker et al., 1968) ) in the contact region. In other words, some studies suggesting that there is interstitial fluid exudation between two contacting articular cartilages, a process known as weeping lubrication (Lewis and McCutchen, 1959) , whereas some other investigations suggest when two opposing articular cartilages are pressed against each other, water molecules of synovial fluid penetrate to the tissue and leave a concentrated synovial fluid between the cartilages, a process called boosted lubrication (Walker et al., 1968) . It is still a matter of debate whether there is no fluid flow between two contacting cartilages and joint space or there is an inward or outward flux or combination of these mechanisms (Ateshian, 2004 (Ateshian, , 2009 ). In this study we assumed there is no flux in the contact region, which is an intermediate position between having an inward or outward flux.
Conclusion
The present work simulated the mechanical response of articular cartilage to sustained period of static loading and compared the response of intact cartilage with those of injured cartilage and joints. The main conclusions of this paper can be summarized as follows.
The main conclusions of this paper can be summarized as follows.
 The intact cartilage, in contrast to complete and partial meniscectomy and the presence of defects, is predicted to have the most sustained interstitial fluid pressurisation and (related) time to reach maximum consolidation, both of which are expected to be favourable to minimizing cartilage damage and wear.
 The cartilage with complete meniscectomy is predicted to experience the largest strains, and so be most exposed to tissue extracellular matrix damage and chondrocyte apoptosis. In addition, both cartilage with complete meniscectomy and that with full thickness defect display the most rapid consolidation and would then be expected to be more exposed to increased wear at the cartilage surface associated with more frequent bouts of higher friction coefficients.
 A similar and relatively large consolidation rate is predicted for cartilage with partial meniscectomy and that with partial thickness defect although they experience different contact strain. This suggests that a focal lesion on cartilage surface can have similar negative impact on cartilage durability as partial meniscectomy although contact strain for cartilage with focal lesion is considerably smaller.
 There is a strong positive linear correlation between DoC of articular cartilage and apparent friction coefficient at the joints. This result suggests that we can evaluate the friction coefficient between opposing cartilage surfaces by medical imaging of the degree of joint space closure over time and consequently evaluate the joint articulation health in clinical practice. Bonassar et al., 2000) 60 mg/ml (Wedig et al., 2005) 100 mg/ml (Wedig et al., 2005) a 1 0.01 MPa (Treppo et al., 2000) a 2 0.075 MPa (Treppo et al., 2000) m -2.37 (Zamparo and Comper, 1989) n 5.4 e-22 m 2 (Zamparo and Comper, 1989) (at 37ºC) 7 e-4 Ns/m 2 (Kestin et al., 1978) Table 2. Depth and orientation dependent cartilage material properties applied in this paper (Fox et al., 2009; Kempson et al., 1973) Figure 1 Axisymmetric model geometry and boundary conditions for the intact lateral tibial plateau cartilage (case 1). It was assumed that a static conically-distributed load with a resultant force of 970 N (F R =970 N) was applied on lateral tibial plateau cartilage with a contact area of 500 mm 2 (r=a 1 =12.5 mm) (Fukubayashi and Kurosawa, 1980) . The loading distribution and contact area represent tibio-femoral contact loading condition under one legged stance loading (Kutzner et al., 2010) and under presence of menisci. A zero fluid flux boundary condition was assumed under the load while the unloaded surface of the cartilage was considered to have free flux condition. Note that the model is axisymmetric around z axis. Figure 2 Axisymmetric model geometry and boundary conditions for lateral tibial plateau cartilage with partial meniscectomy (case 2) and complete meniscectomy (case 3). Note that the same resultant contact load (as the intact cartilage model) was applied on the meniscectomy models (F R =970 N), but over a small contact areas. The lateral plateau contact area without menisci (complete meniscectomy) was assumed to be 235 mm 2 (r=a 3 =8.5 mm) (Fukubayashi and Kurosawa, 1980 Figure 3 Model geometry and boundary conditions for lateral tibial plateau cartilage with partial thickness defect (case 4) and that with full thickness defect (case 5). Note that the same resultant contact load (as the intact cartilage model) was applied on the cartilage with defect models (F R =970 Figure 4 (a) Time evolution of peak contact strain for five cartilage models investigated in this study. The coordinate in brackets shows the location of the peak contact strain. It can be seen that the cartilage models with meniscectomy experience largest contact strain while the cartilage model with full thickness defect experiences the highest rate of strain rise. 
